Microfluidic automationthe automated routing, dispensing, mixing, and/or separation of fluids through microchannelsgenerally remains a slowly-spreading technology because device fabrication requires sophisticated facilities and the technology's use demands expert operators. Integrating microfluidic automation in devices has involved specialized multi-layering and bonding approaches. Stereolithography is an assembly-free, 3D-printing technique that is emerging as an efficient alternative for rapid prototyping of biomedical devices. Here we describe fluidic valves and pumps that can be stereolithographically printed in optically-clear, biocompatible plastic and integrated within microfluidic devices at low cost. User-friendly fluid automation devices can be printed and used by non-engineers as replacement for costly robotic pipettors or tedious manual pipetting. Engineers can manipulate the designs as digital modules into new devices of expanded functionality. Printing these devices only requires the digital file and electronic access to a printer. Lab Chip, 2015, 15, 1934-1941 This journal is
Introduction
The vast majority of microfluidic devices are prototyped in polyĲdimethylsiloxane) (PDMS) by replica molding ("soft lithography"). 1 Soft-lithographic automation generally involves PDMS layering, alignment, and bonding. PDMS has become popular among researchers because it has many favorable properties: the material is inexpensive, optically clear, and biocompatible; its molding procedure is safe and easy to learn; and its flexibility allows for integrating elastomeric actuators and optical elements into devices. A few companies have been able to build reliable batch fabrication processes after substantial investments (e.g. Fluidigm). However, PDMS-molded microdevices are difficult to disseminate because they are labor-intensive to produce, rely on specialized fabrication facilities, and typically need bulky controls without featuring "plug-and-play" connectivity. 1 By shortening the time from prototype to product, 3Dprinting enables personalized devices, accelerates R&D, and could help reduce the cost of access to healthcare. In stereolithography (SL), 2 a form of 3D-printing, a focused light source produces quasi-arbitrary 3D shapes in a polymer from a photoresin precursor. To create channels, the walls are polymerized by light followed by drainage of the uncured resin, 3 without need for assembly (bonding, alignment, etc.). Plastic modular 3D microfluidic circuits have been built with SL. [4] [5] [6] The availability of transparent biocompatible resins opens the possibility of fabricating biomedical devices by SL. Microfluidic devices fabricated in biocompatible resin by SL have been demonstrated for high-throughput cell culture and imaging, 7 as well as for immunomagnetic 8 and size-based 9 separation of bacteria. As opposed to PDMS and plastic molding processes, SL design is fully digital, amenable to finiteelement modeling, intrinsically modular, and can simplify the path to commercialization 10 (see ESI †).
To date, SL has lacked the valving functionality of soft lithography. Micromolded PDMS valves and pumps confer fluidic automation to PDMS microfluidics, which has greatly impacted fields from physics and chemistry to cell biology and medicine. 11 However, the production of PDMS valves requires significant engineering expertise and access to costly fabrication facilities. Here we report the first valve entirely built in plastic by SL. We demonstrate efficient valving of microchannels. Valves can be effortlessly added into a digital design as modules to form larger operational units such as multi-way switches and pumps. Building these SL devices only requires the digital file and web access.
Results
Although SL technology obviously imposes resolution limits and materials restrictions on our device design, we have been able to 3D-print valves and pumps for microfluidic devices suitable for cell culture applications. Current commercial SL machines only print in a single resin. We chose to print all our devices in WaterShed XC 11122 resin. This nearly colorless resin ( Fig. 1a ) does not swell in water, has well-characterized wettability, 12 and meets minimum biocompatibility standards (see ESI † and Fig. S1 ). 13 The critical part of the valve consists of a membrane with the minimal target thickness (t = 100 μm; Fig. 1b ) printable with the laser used by the commercial printing service. The membrane separates two chambers C 1 and C 2 . C 1 (the "control chamber") is filled with pressurized air to deflect the membrane. C 2 contains a nozzle that acts as the exit seat of the valve. The membrane must deflect a target distance d = 200 μm (also imposed by printer's constraints) to contact the nozzle and close the valve (Fig. 1c ). The necessary membrane radius r to close the gap d under a certain pressure P can be determined as a first approximation from eqn (1) , which predicts the (large) deflection y at the center of the (thin) membrane given the Young's modulus E, the Poisson's ratio ν, and thickness t: 14 Pr Et y t y t 4 4 2 2 3 5 33 1
For WaterShed (E = 2700 MPa, ν = 0.30 (ref. 15) ), which has poor elasticity compared to PDMS (E~2 MPa), 16 eqn (1) predicts that a membrane of r = 5 mm deflects by y = 204 μm at P = 2.9 psi; COMSOL simulations predict a 2% lower deflection of y = 200 μm at that P (Fig. 2 ). Thus we designed all our WaterShed valves with r = 5 mm. The valve (filled with blue dye for visualization) is shown in Fig. 1d , e (Movie S1 †). Valves are actuated by electronically-controlled pressure pulses.
Our COMSOL loading stress simulations indicate that the membrane is maximally stressed at the point of contact with the external nozzle rim ( Fig. 2c ), suggesting a possible sealing mechanism. Due to variability in the printing process, the pressure required to fully close a valve can vary from 1 to 6 psi depending on the valve (3.30 ± 1.78 psi; mean ± SD; n = 10). The observed range of values, however, agrees fairly well with our COMSOL model: the membrane (shown at rest in Fig. 2a ) is predicted to contact the nozzle at~2.9 psi ( Fig. 2b ) and fully seal it at~5.8 psi ( Fig. 2c ). In any case, operating the valves at 6 psi ensures successful closure of 100% of the valves and does not damage the valves (we have operated the valves by switching between 0 and 3 psi of control pressure for >15 000 cycles without rupture or apparent fatigue; valves occasionally rupture when control pressures >10 psi are applied). The total internal volume of the fluid chamber at rest is 74.8 μL, of which 11.3 μL becomes displaced during valve closure.
To evaluate the reproducibility of the 3D-printing technique, we imaged two devices by micro-computer tomography (microCT; see Fig. 3 ). Thickness data obtained from each of the microCT slices was mapped onto a color heat map, as represented in Fig. 3b . The histogram of thickness values is shown in Fig. 3c . The average measured values for t across the two membranes are 114.6 ± 15.3 μm and 117.4 ± 21.5 μm (mean ± SD). We note that the variations in thickness are equivalent to approximately two voxels in height (the micro-CT's resolution is 8.7 μm per voxel). In other words, the microCT's resolution was too small to measure appreciable variations in the thickness of the printed membrane. The distance between the nozzle and the membrane was similarly measured from the microCT slices. For the device shown in Fig. 3a , the measured value for d was 236.7 ± 36.2 μm (mean ± SD).
We next characterized the dynamic behavior and the fluidic resistance of the valve by measuring the current that passes through a saline-filled valve while it is being operated. We observed that the valve has a cutoff frequency of~7 Hz; at this frequency, the valve fully opens for only a negligible fraction of the~71 ms of its "open period" (Fig. 4a ). Additionally, our valve's fluidic resistance exhibits a sigmoidal response to control pressure, with the greatest slope in the 0.5-0.65 psi regime and hysteresis between valve opening and closure (Fig. 4b ). This multi-state valving behavior could find applications in microfluidic multiplexers, 17 flow regulators, 18 and fluidic amplifiers. 19 The valves could also simplify the fabrication of microfluidic logic elements, such as adding machines, 20 memory latches, 21 shift-registers, 22 and autonomous oscillators. 23, 24 We did not measure appreciable valve leakage in the closed-valve state, even though the membrane is not built of a self-sealing material (e.g., PDMS). Valve closing pressures were reproducible over many valve closing cycles ( Fig. 4c ).
Modular design, the joining together of digital modules prior to fabrication, is a powerful design paradigm widely used in many areas of engineering, such as microelectronics, automotives, and aeronautics. SL can similarly benefit from modular design. Since our valve design is fully specified as an electronic file, it can be digitally connected to other functional modules to easily build more complex devices. A fluidic switch ( Fig. 5a schematic) can be built by connecting two valves V 1 and V 2 to a common outlet ( Fig. 5b ). Different dye outputs are produced by opening the appropriate valves ( Fig. 5c -e and Movie S2 †).
We next asked whether we could reliably 3D-print a pump by digitally joining three valves in series ( Fig. 6a, b ), since peristaltic pumps can be built with three serially-connected valves. 25 The pump was operated with a standard peristaltic sequence ( Fig. 6c -e and Movie S3 †), with each valve opened for a minimum period T (Fig. S2 †) . The maximum average pumping rate of~0.68 mL min −1 was achieved at T = 75 ms, which corresponds to a cutoff frequency of f = 6.7 Hz for a single valve with equal open and closed periods; see Fig. 6f ).
Note that the T and f measurements for the pump and the isolated valve are very similar, indicating that the performance of the pump is limited mostly by the performance of its fundamental component. Valves find widespread uses in cell perfusion applications, which often demand complex fluid switching systems that could be built by SL. We printed a fluid switch by digitally joining four valves ( Fig. 7a schematic) . The fluid inlets were printed as Luer connectors, while the pneumatic inlets and fluid outlet were printed as barbed male connectors to save space (Fig. 7b ). The integrated female Luer connectors and barb connectors allow for leak-proof interfacing with male Luer components and tubing, respectively. After connecting the switch to a 3D-printed cell culture chamber with tubing, we demonstrated device operation with food-coloring dyes ( Fig. 7c and Movie S4 †). We then characterized the switching speed of the system with fluorescent dye pulses ( Fig. 7c insets  and d ). We define t on = t 90 − t 10 and t off = t 10 − t 90 , where t 10 and t 90 are the times required for reaching 10% and 90% of maximum fluorescence, respectively. In switching between three valves controlling dye and one valve controlling buffer, we measured average values of t on = 2.53 ± 0.14 s and t off = 2.41 ± 0.05 s at the junction; and t on = 4.93 ± 0.15 s and t off = 4.86 ± 0.33 s (mean ± SD) at the chamber. The similar values for dye application and removal (t on~toff ) demonstrate the symmetrical performance of the system. Measurements between the three valves controlling dye varied by at most 5.8%; this high reliability suggests that the fabrication technique might be suitable for large multi-valve arrays.
We next used the four-valve switch to control stimulation of live cells in a culture chamber. We printed a cell culture chamber without a floor, then bonded it to a PDMS slab. This approach enables integration of different cell-biomaterial interfaces. A PDMS floor optimizes gas exchange (WaterShed is gas-impermeable), microscopy imaging, and cell attachment. With the four-valve switch, we stimulated CHO-K1 cells with 20 s pulses of ATP solutions and followed their Ca 2+ responses with the Ca 2+ -sensitive dye, Fluo-4. Results from 1 of 3 similar experiments are shown in Fig. 8a-d, Fig. S3 and Movie S5. † Cells labeled with Fluo-4 were seeded into the chambers, and then allowed to attach to the PDMS floor. Images taken every 4 s reveal increases of fluorescence in response to ATP stimulation (Fig. 8a, b) . The continued clear responses to multiple ATP stimuli for over 30 minutes demonstrate the viability of the cells in the 3D-printed chamber Fig. 8c, d . The histogram in Fig. 8e reveals the wide variability of single-cell responses that underlie the populationaverage trace (upper trace in Fig. 8c ). In another experiment, we first recorded multiple responses to ATP, followed by multiple pulses of Alexa 594 dye mixed with ATP ( Fig. 8f ). While the relatively slow Ca 2+ responses declined by 44% over the course of the experiment, likely due to desensitization over 15 sequential ATP pulses, the concentration profiles for dye application remained stable within 3.8% over the whole field of view. Thus the stability and reproducibility of the concentration profiles in our 3D-printed system appears to be suitable for cell-based assays such as calcium imaging.
Discussion
As PDMS valves revolutionized microfluidics by introducing automation into PDMS microdevices, 11 we envision that the digital manipulation of our valves will produce a variety of devices that will amplify the functionality of SL. The overall performance of our microfluidic perfusion system is similar to that of other setups based on syringe pumps or electronic off-chip valves. Where pneumatic actuation is impractical (e.g. point-of-care), membrane-based valves could be actuated via mechanical pins 26 or piezoelectric actuators, 27 3D-printed "pumping lids" could be used, 28 and/or autonomous fluid switching schemes could substitute computer control. 29, 30 We foresee that this first-generation prototype will be further reduced in size as the resolution of SL improves. Printing resolution and materials choices still place critical constraints on the mechanical performance of the valve (see eqn (1); t and r have an exponential relationship with y), so that the performance of our valves and pumps is still inferior to that of their PDMS counterparts, but SL is a fast-improving technology. Fast advances in desktop printers, 31,32 photoresins, 33 and multi-material SL printing 31,34 promise rapid, large improvements in resolution and functionality for biomedical applications.
Despite their present fabrication constraints, we believe that the biggest advantage of our valves is that the user benefits from automated manufacturing, so that virtually anyone with web access can fabricate them, independent of his/her field of knowledge. This feature should enable biomedical scientists in remote, disadvantaged locations to profit from the combined inventiveness of engineers around the world and could facilitate the commercialization of new, unforeseen types of biomedical devices.
Methods

COMSOL simulations of membrane deflection and loading stress
The Structural Mechanics Module of the finite element modeling software, COMSOL 4.3a, was used to perform stress analysis and find out the deformation of the membrane when subjected to different pressure loadings. The CAD file of the membrane and the nozzle was imported into COMSOL. The extent of deflection of the deformed membrane was constrained by the bottom of the nozzlein order to implement this boundary condition, the top of the membrane and the bottom of the nozzle were treated as a "contact pair", as a result of which the source and the destination boundaries were coupled when contact was established. The membrane was defined as a linear elastic material with the physical parameters of WaterShed, and different boundary loading pressures were applied to the bottom of the membrane. The difference in the deflection values for t = 100 μm (the target value) and t = 115 μm (the experimental average value) is negligible. The plots in Fig. 2 show a cross-sectional view of the deflection of the membrane at different pressures, as well as the von Mises stresses on the membrane due to the loading.
Valve device fabrication
Devices were built by FineLine Prototyping, Inc. (Raleigh, North Carolina) on a 3D Systems Viper system (Rock Hill, South Carolina) using WaterShed XC 11122 resin (DSM Somos®, Heerlen, Netherlands) in high-resolution mode. The valve membranes are defined by a single pass of the laser beam at each z-layer; thus, the membrane thickness is directly defined by the laser beam diameter. For each valve, only a single external control line needs to be connected to the control cavity in order to operate the valve. However, for device fabrication, there must be both an inlet and an outlet to rinse uncured resin out from the control cavity. For multivalve devices, to simplify the number of Luer connectors required to properly rinse the device (an operation done by the 3D-printing service), all of the rinse channels are simply routed to small holes in the outer face of the devices. These small holes (see arrows in Fig. S4 †) are then manually sealed off in our lab using adhesive tape or epoxy.
MicroCT imaging
A script written in MATLAB was used to measure the thickness of the membrane from the cross-sectional microCT images, using Otsu's method of image thresholding. The method creates a binary image from the grayscale microCT cross-sectional slice images, by using a threshold that results in two classes of pixels (background and foreground) with the minimum combined intra-class variance. Edge detection algorithms were then used to determine the edges of the membrane within the devicethe distance between the edges indicated the thickness. The total number of data points for the histogram was 1 017 207, of which 0.98% of the measurements were over 175 μm. The distance between the nozzle and the membrane was similarly measured in every microCT slice that had the nozzle (150 slices), by measuring the distance between the detected edge of the membrane and that of the nozzle bottom (taken along~350 μm on either side of the central nozzle opening).
Valve/pump pneumatic control setup
The valve control channels were connected to three-way solenoid valves (LHDA0511111H from The Lee Company, Westbrook, Connecticut), which were controlled by a National Instruments NI USB-6501 Digital I/O device and LabVIEW software (Austin, Texas). For the single-valve and switching devices, pressurized fluid was applied to the fluid channels of the device, while the solenoids were used to apply either positive pneumatic pressure to the control channels to close the valves or atmospheric pressure to allow the valves to open. For the pumping device, to enhance the pumping speed we close the valves by pressurizing at 5 psi and we open them by returning the control line to −2.5 psi (vacuum); the solenoids were used to alternatingly apply either positive pneumatic pressure or vacuum to the valves in a defined sequence in order to drive fluid through the pump in a directional peristaltic manner.
Single-valve studies
Due to the positioning of the fluid inlet and outlet in the valve design, bubbles may become trapped within the valves during fluid filling. To minimize the occurrence of bubbles, isopropanol may be introduced into the valves first, which can then be replaced with aqueous solution. For all measurements involving single-valve devices we used a fluid driving pressure of 0.5 psi, including flow rate measurements ( Fig. 4b) and valve closure measurements. To measure valve closure, the control pressure applied to the opposite side of the valve membranes was increased in increments of 0.5 psi until fluid movement was no longer observed in a thin capillary (0.25 mm I.D. Tygon tubing) connected to the outlet of a device. The valve closing pressures were calculated as the difference between the fluid driving pressure and the control pressure at which the fluid movement was stopped.
Valve dynamic behavior measurements
A single-valve device was filled with 10 mM KCl solution and a constant voltage of 1 V was applied across the inlet and outlet of the device, with an oscilloscope connected in series to the outlet end of the device. The valve was opened and closed by alternatingly applying −2.5 psi and +5 psi of pressure to the control channel, while current was measured in the oscilloscope. The current recorded by the oscilloscope was plotted as a function of time for a variety of actuation frequencies to determine the frequency at which the valve no longer fully opens and closes.
Pump rate measurements
The inlet and outlet of the peristaltic pump device were fluidically connected to open reservoirs filled with colored dye. Prior to each pump rate measurement, the three valves of the pump were opened and the fluid between the two reservoirs was allowed to equilibrate until there was no hydrostatic pressure difference between the two reservoirs. The pump was operated by applying a six-phase actuation sequence to the valves, with each valve opened for a minimum period T. The six-phase actuation sequence shown in Fig. S2 † was applied to the three valves of the peristaltic pump, with valves V 1 and V 3 opening for time period T and valve V 2 opening for 1.5T. The average flow rate through the pump was calculated based on the transfer of fluid to the outlet reservoir, which was placed on top of a laboratory scale. This average flow rate was plotted as a function of the equivalent valve frequency of f = 1/2T (Fig. 6f ).
Thermal bonding of SL resin to various substrates
We developed a simple thermal bonding procedure to bond the WaterShed resin to a variety of important biotechnological surfaces, including glass, polystyrene, and PDMS. We chose to bond our chamber to a 1.5 mm-thick PDMS slab to optimize gas exchange (WaterShed is gas-impermeable), microscopy imaging, and cell attachment (we coat it with poly-D-lysine). Unlike prior work using silane surface modification, 35 our bonding only requires treating the secondary substrate (PDMS, polystyrene, glass, etc.) with O 2 plasma and heating both surfaces above the glass transition temperature of the resin (WaterShed's T g~3 8-45°C). In order to bond the SL resin to PDMS, the PDMS surface was treated with O 2 plasma (60 W, 670 mTorr, 1 min, Zepto plasma system, Diener Electronic GmBH, Ebhausen, Germany) before placing the two layers in conformal contact and baking the assembled structure at 70°C for 30 min. Once the structure cooled down to room temperature, the two materials became permanently bonded.
Calcium imaging
CHO-K1 cells were loaded with 5 μM Fluo-4-AM (Invitrogen), loaded into the perfusion chamber, and allowed to attach in the incubator for 1-2 hours with the bottom PDMS surface elevated to permit gas diffusion. Cells were perfused at flow rates from 2.0 to 3.5 mL min −1 with 3 different ATP concentrations in 20 s pulses, with 160 s rinses of Hank's Balanced Salt Solution (HBSS, Invitrogen) applied between the stimulations to allow the cells to recover. During fluid switching, a 100 ms delay was added between the closing of the valve controlling the previous solution and the opening of the valve controlling the next solution. Images (4× magnification) were taken every 4 s for calcium imaging, and every 0.5 s for perfusion with 100 ng mL −1 Alexa 594 (Invitrogen). Similar results were seen in three experiments. In Fig. 8 and S3, † individual pixels were identified based on the strength of their correlation between each pixel's trace and an averaged trace of the response of several individual cells, taken over the second and third stimuli. 36 Positive regions were defined as having at least 15 adjoining pixels with a correlation coefficient of at least 0.5. The traces in Fig. 8c show the average intensity in the 7 × 7 pixel box around the centroid of the region for each cell. Note that WaterShed's small autofluorescence does not significantly impede quantitative fluorescence imaging of flow patterns (Fig. 7c insets) and calcium transients (Fig. 8b ).
